ABSTRACT: Pre-clinical studies of post-traumatic OA have examined the pathways that lead to disease after injury by using surgical models such as the destabilization of the medial meniscus (DMM) and anterior cruciate ligament transection (ACLT). While the morphological, molecular, and genetic pathways leading to OA have been examined extensively; the effects of these injuries on joint kinematics, and thus disease progression, have yet to be fully characterized. To this end, we sought to understand the kinematics in the DMM and ACLT joints compared to intact joints subjected to controlled tibial compressive loading. We hypothesized that the DMM and ACLT models would result in different patterns of joint instability compared to intact joints, thus explaining the different patterns of OA initiation and severity in these models. Cadaver adult C57BL/6 mice were subjected to either a DMM or ACLT in their right knee joints, while the left limbs remained as intact controls. All limbs were labeled with fiducial markers, and the rigid body kinematics of the tibia and femur were examined using roentgen stereophotogrammetry (RSA) with application of compressive loads from 0 to 9 N. DMM and intact joints demonstrated similar kinematics under compressive loading, in contrast to ACLT joints, which dislocated even before load application. These results demonstrate the importance of rigorous kinematic analysis in defining the role of joint instability in animal models of OA and suggest significant differences in DMM and ACLT joint instabilities in the context of controlled mechanical loading. ß
Osteoarthritis (OA) is characterized clinically by cartilage degradation, subchondral bone changes, joint pain, and impaired joint function. 1, 2 Tissue alterations in OA joints extend beyond cartilage and bone to include changes in the menisci, ligaments, and other peri-articular soft tissues. 3 Epidemiological studies indicate that abnormal biomechanical loading and joint instability from injury are important etiological factors in the pathogenesis of OA. 1, 4 This concept is substantiated by observations that certain occupational activities, [5] [6] [7] obesity, 8, 9 and joint laxity and injury [10] [11] [12] are correlated with an increased risk of OA, while reduction in body weight 13 and mild to moderate exercise 14, 15 may slow disease progression. Although epidemiological and clinical studies of OA suggest a strong relationship between the joint mechanical environment and the incidence of the disease, the exact ways in which changes in the mechanical environment influence OA initiation and progression are not well defined. 16 Pre-clinical studies in murine species using surgical models, such as the destabilization of the medial meniscus (DMM) 17, 18 and anterior cruciate ligament transection (ACLT), 17, 19 have examined the structural changes and biological pathways that lead to OA disease initiation after joint injury. These models induce moderate to severe OA pathology characterized by cartilage degradation and subchondral bone changes, and provide insights into the morphological and biochemical changes in joint tissues during OA disease progression. [17] [18] [19] [20] Furthermore, while several studies demonstrated that these injuries affect joint stability in large vertebrates, [21] [22] [23] [24] the relationship between altered joint kinematics and the initiation of OA has not been fully characterized in murine models due to their small size. Measurements of joint kinematics in murine models have been limited to using weight bearing and ground reaction forces as metrics for instability. 25, 26 While these data provide information on the functionality of the joint, they do not describe joint instability or the mechanical environment associated with the injury. Thus, these studies have provided little insight into how these joint injuries affect joint stability and how the altered joint kinematics relates to OA initiation. Characterization of joint kinematics in the DMM and ACLT models would provide valuable insights into the influence of instability on the local mechanical environment during the initiation and progression of OA, strengthening their use as smallanimal models of post-traumatic OA.
Our group and others have previously presented a non-invasive tibial loading model in mice for bone adaptation studies. 27, 28 The loading device in this model allows for normal flexion of the knee, while applying a controlled axial compressive load to the tibia through the femoral condyles. Adapted from the mouse ulna loading model, 30 the tibial loading model has been used extensively in orthopaedics to study bone adaptation and is a widely accepted platform to recapitulate physiological mechanical forces during mouse gait, [27] [28] [29] with a 9 N compressive load creating 1,200 me at the mid-shaft of the tibia. 29 This strain value is well within the normal range of functional strains during locomotion in mice and most vertebrates. [31] [32] [33] [34] Recently, our group and others used this model on intact joints to recapitulate major features of OA after 1, 2, and 6 weeks of loading, [35] [36] [37] with similar results to those induced by long-term treadmill running in mice. 38 To date, however, the tibial compressive loading model has not been applied to DMM and ACLT injured mouse knees.
With the understanding that mechanical forces play a key role in OA, we aimed to characterize the effects of the joint injuries in the DMM and ACLT models on joint kinematics under loading conditions. We hypothesized that the DMM and ACLT models would alter stability compared to intact joints, thus enabling future experiments to explore the effects of joint instability on patterns of OA initiation and severity in these mouse models under controlled loading. Our loading device, which permits controlled application of compressive loads to the tibia, was used as a tool to quantify and compare joint kinematics of intact, DMM and ACLT joints under a controlled loading regime. Due to the orientation and range of motion of the knee under our loading conditions, our results directly measured bone kinematics, rather than joint kinematics. Our results provide insights into the effects of these joint injuries on bone kinematics and associated joint motions in the context of defined compressive loading and demonstrate the importance of rigorous kinematic analysis to better understand disease progression in murine models of OA.
METHODS

Animal Models
Eight 32-week-old freshly frozen C57BL/6 male mice (Jackson Laboratories, Bar Harbor, ME) were obtained and thawed at room temperature. The right knee joint of each mouse was subjected to either DMM or ACLT (n ¼ 4/group). Following previously established protocols, 17 a longitudinal incision was performed from the distal patella to the proximal tibia. The joint capsule was exposed, and the fat pad was dissected, allowing visualization of the medial meniscotibial ligament (MMTL) and the anterior cruciate ligament (ACL). Using a #11 blade, either the MMTL or the ACL was transected. Care was taken to ensure that all other ligaments remained intact. The joint capsule was then closed with a continuous cutting suture (4-0 Sofsilk, Covidien, Minneapolis, MN). The left knee joints remained as intact controls.
Fiducial Marker Placement
To place the fiducial makers on the joint for use in kinematics measurements, two small incisions were created, one on the medial proximal region of each tibia and the other on the anterior distal region of each femur. The muscle and skin were retracted using blunt dissection techniques, and a periosteal elevator was used to remove the periosteum. The exposed bone was degreased with methyl ethyl ketone. At least three 100 mm tin/lead solder spheres (Caplinq Co., Ottawa ON, Canada) were affixed to a 2 Â 2 mm flexible adhesive plastic to serve as fiducial bone markers. The bone markers were adhered onto the exposed regions of the tibia and femur using cyanoacrylate. Care was taken to ensure that the markers adhered firmly to the bone, and that the joint capsule remained intact.
Mechanical Loading and Imaging Protocol
All limbs were loaded from 0 to 9 N compression at 1 N increments using the tibial compressive loading device 35 ( Fig. 1A) . The loading device is equipped with a feedback control loop (Labview v8.2, National Instruments, Austin, TX) that allows the user to set a constant compressive force at each load step (Fig. 1B) , using an in-line force transducer (ELPF-T2E-10L, Measurement Specialties, Hampton, VA). Medial-lateral radiographs were obtained at each stepped load using a single dental X-ray (VetVision DC, Progeny Dental, Lincolnshire, IL), with a resolution of 28 mm. The stepped loading protocol was then repeated to obtain anterior-posterior radiographs (Fig. 1C ). This loading and imaging scheme was repeated for three trials per joint.
Compressive loading was applied through an actuator affixed to a foot-holder in the loading device, while the force transducer was attached to the knee-holder (Fig. 1A) . With each progressive load step, the foot-holder applied compression through proximal translation along the X-axis, towards the knee joint (Fig. 1C) . A prior kinematic analysis identified that this translation was associated with a slight positive rotation (1.4 AE 1.3˚) about the Z-axis at 9 N. Thus, any positive rotations about the Z-axis resulting in adduction or abduction within this angular range were regarded as a function of the loading device for the right and left knee, respectively.
Roentgen Stereophotogrammetry
Roentgen stereophotogrammetry (RSA) examination was performed using a custom-made calibration cage and previously established protocols. [39] [40] [41] The calibration cage consisted of two orthogonal planes, one for each X-ray position, containing sets of tantalum markers with known locations. One set of markers defined the 3D global fiducial coordinate system, while the other set was used to determine the exact location of the dental X-ray. Error analysis was performed on the system using a phantom consisting of two wooden rods (2.2 mm diameter, 15 cm length), each labeled with at least four fiducial markers. To measure both the precision and accuracy of the system, we conducted nine double examinations of the phantom with no relative motion between rods, similar to previous protocols. 40 Radiographs were taken at the two planes of the calibration cage, and used to determine each fiducial marker location, rigid-body fitting, and subsequent calculation of motion.
The relative motion calculated by the RSA set-up for the nine examinations was averaged as the error of the system, and the standard deviation of these motions was the precision. The error and precision (mean AE standard deviation) associated with zero motion of the phantom were 0.03 AE 0.25, À0.01 AE 0.08, and À0.16 AE 0.37 mm in translation along the X-, Y-, and Z-axes, respectively, and À0.9 AE 2.2˚, 0.8 AE 1.4˚, and 1.3 AE 1.3˚in rotation about the X-, Y-, and Z-axes, respectively. These values were interpreted as the systematic error associated with calculations of rigid body 354 ADEBAYO ET AL. motion using this RSA set-up, and any motions within the bounds of our error values were deemed negligible.
Furthermore, the use of a single dental X-ray for imaging two planes introduced an inherent error in joint positioning because the loading protocols were performed sequentially. We defined this error as the average error in determining the exact 3D location of the fiducial markers. The position of each marker was calculated as the intersection between the position vectors from each imaging focus point. However, due to both a systematic error from the lack of exact alignment of the two orthogonal planes of the calibration cage, and the irreproducibility of the joint positioning with a sequential loading protocol, the position vectors did not intersect in 3D space. Therefore, the position of each bone marker was calculated as the midpoint of the shortest line connecting the two vectors, with the error defined as half the length of the line along each axis. Using data from a previous kinematic analysis in which five mouse joints were placed under the same protocol for 15 loading/imaging protocols, we determined the average error of the system to be [AE63, AE2.0, AE1.6 mm] in the X-, Y-, and Z-axes, respectively.
Kinematics Analysis
All joints were placed in the loading device, with the tibial axis of loading aligned to the X-axis of the calibration cage (Fig. 1) , and RSA examination was performed. First, the initial, non-loaded position of the joint was examined qualitatively in the loading device. Due to the small size of the mouse joint, a reliable and consistent femoral coordinate system could not be established, thus all motions were described as translation and rotation from 0 N load around the three axes in a tibial-oriented coordinate system. In accordance with RSA techniques, the tibial coordinate system was based on a reference alignment of the bone position in the loading device at 0 N. Specifically, the tibial X-axis was defined as the axis at 0 N in which the compressive load was applied, running from the tarsus to the intercondylar eminence, and was aligned to the global X-axis. Furthermore, we assumed that the tibial Y-axis at the 0 N position in the loading device intersected both the medial and lateral tibial plateaus, and was parallel to the global Y-axis. The tibial Z-axis, perpendicular to both the X-and Y-axes, thus paralleled the global Z-axis. To determine translation along each axis, the point of interest (POI) was defined as the geometric center of the tibial and femoral articulating surfaces for both the tibia and the femur (Fig. 2) . The location of the POI was defined and digitized manually as the midpoint of the overlapping surface of the tibia and femur in the 0 N medial-lateral radiograph and the intercondylar eminence of the tibia in the 0 N anteriorposterior radiograph.
To describe joint motions, tibial motion was first calculated at each stepped load as translation of the point of interest and Eulerian rotation of the bone about the bodyoriented X-Y-Z-axes relative to its position at 0 N. These motions were thus interpreted as inferior-superior (IS), 
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355 medial-lateral (ML), and anterior-posterior (AP) translations of the tibial plateau, and internal-external (IE), flexion-extension (FE), and abduction-adduction (AA) rotation of the tibia. Then, the relative femur-to-tibia motion, interpreted as the motion of the knee joint, was determined using the tibia as the reference segment. Specifically, the motion of the tibia at each stepped load was first transformed back to its position at 0 N, and then the relative motion of the femur was calculated in the tibial coordinate system. Relative translation in this case was calculated as the difference in the position of the point of interest due to femoral versus tibial motion from 0 N to each stepped load. All coordinate system creations and kinematics calculations were completed in Matlab using a custom-written code.
Statistics
Statistical analysis was performed to compare the kinematics of intact and ligament-transected joints. All intact joints from both DMM and ACLT groups were pooled for statistical analysis with the exception of one intact joint that was dislocated due to an accidental initial overload in the loading device. The results of the kinematics trials for each joint were averaged and represented as descriptive data for statistical analysis. Due to the small sample size of each group, a Kruskal-Wallis test was then performed to compare the kinematics of intact and injured joints at each stepped load (JMP Pro 10.0, SAS Institute Inc., Cary, NC). All data are shown as mean AE standard deviation, unless otherwise indicated. p-values of <0.05 indicate significance.
RESULTS
Comparison of Joint Positions in the Loading Device
Changes in the joint position in the loading device were evident between the two models, even before the application of any compressive load (Fig. 3) . The DMM joints maintained positions similar to those of the intact joints in the loading device, with an apparent articulating surface between the femur and tibia. However, all of the ACLT joints dislocated when placed in the loading device, even without compressive load. The dislocation resulted in the loss of an articulating surface between the femur and tibia, and thus further analysis of bone kinematics could not be performed accurately.
Tibial Motion Under Compression
The tibial motions of intact and DMM joints were similar at each stepped load relative to 0 N. As the compressive load increased from 0 to 9 N, both intact and DMM tibias exhibited superior translation, which peaked at 0.3 AE 0.1 and 0.2 AE 0.0 mm at 9 N, respectively (Fig. 4A) . Additionally, both groups demonstrated minimal translation along the ML axis and AP motion of the tibia, which peaked at similar values for both intact and DMM joints ( Fig. 4B and C) . None of the translational motions of the tibia were significantly different at any of the loads (p ¼ 0.13-0.85). IE rotation was also minimal (p ¼ 0.19-0.85) in all intact and DMM tibias, and the degree of tibial flexion was not different (p ¼ 0.45-1.0) between intact and DMM groups ( Fig. 4D and E) . In contrast, the degree of tibial adduction at loads !4 N was significantly different between the two groups (p < 0.04, Fig. 4F ), although the differences were small (tibial adduction of 1.5 AE 0.7˚at 9 N in intact joints and tibial abduction of 1.7 AE 0.6˚in DMM joints).
Knee Joint Motion (Relative Femur to Tibia Motion) Under Compression
Femur-to-tibia translations were minimal along the SI and AP axes (Fig. 5A and C) . However, ML translation of the femur to tibia was significantly different between intact and DMM joints at 8 and 9 N loads (p < 0.01, Fig. 5B ). Intact joints exhibited little motion (0.1 AE 0.1 mm) along the ML axis; however, in DMM joints, we observed lateral translation of the femur starting at 6 N, which peaked at 0.2 AE 0.1 mm at the 9 N load. In both DMM and intact joints, we observed minimal internal rotation and similar flexion of the femur at most loads ( Fig. 5D and E) . However, rotation about the tibial AP axis was significantly different between these groups with femoral abduction (with the knee moving into varus) occurring in DMM joints compared to intact joints at all compressive loads (p ¼ 0.0082, Fig. 5F ).
DISCUSSION
While pre-clinical models, such as DMM and ACLT, recapitulate features of post-traumatic OA, [17] [18] [19] [20] the exact mechanical environment associated with disease initiation and progression in these models is not understood completely. We sought to determine the kinematics of DMM and ACLT joints under a controlled loading environment, to gain insights into the impact of the injuries on joint stability. Our results demonstrate that bone kinematics and, by extension, joint instability depend on the type of destabilization injury. Specifically, the initial dislocation of ACLT joints within the loading device, which allows for normal flexion, and the apparent loss of contact surface between the tibia and femur indicate that ACLT models of OA exhibit high levels of instability, with loading occurring at the edge of the injured joint. 42 In contrast, most measures of tibial and femoral motion were similar between DMM and intact joints, with only subtle differences in frontal plane rotations of the tibia and femur and greater relative lateral translation of the femur at higher compressive loads. While the differences in frontal rotations were significant, these small positive rotations about the AP-axis were within the range of the inherent motion of the foot-holder. Thus, the only significant, relevant difference between DMM and intact joints was in the slight lateral translation of the femur in the DMM group. Such similarities between kinematics in DMM and intact joints suggest that the induction of OA-like features in the DMM mouse model may not be due necessarily to extreme joint instability, but rather to a change in contact stresses as a result of an abnormal contact area. [43] [44] [45] 356 ADEBAYO ET AL.
Our study provides novel information about kinematics and instability of ACLT joints, specifically in murine models of OA, and such results are similar to those reported in other cadaveric studies. Bedi and coworkers reported kinematic changes in cadaveric human knees after an ACL injury, with significantly increased contract stress in the posterior-central aspect of the tibial plateau. 46 This finding is supported by other studies in mice, rabbits, sheep, and humans, and is due to the increased anterior translation of the tibia as a result of the lack of the stabilizing constraint provided by the ACL. 19, 21, [47] [48] [49] In our study, the increased anterior translation of the tibia resulted in dislocation of the joint within the loading device, which may explain the rapid rate of OA progression present in murine ACLT models. In vivo murine joints subjected to ACLT demonstrate tibial anterior subluxation, marked degradation of the posterior aspect of the tibial cartilage, erosion of the tibial posterior subchondral bone, and osteophyte formation at the joint margins. 17, 19 These in vivo results indicate the presence of high joint instability and an abnormal anterior translation of the tibia during gait, consistent with the ACLT causing extreme joint motions, even in an otherwise well-controlled animal study. 47 While the ACLT mouse model is a relevant model of posttraumatic OA to understand pathologic joint tissue changes associated with such injuries, the kinematics of the model are extreme in the mouse. Thus, ACLT is unsuitable for mouse studies focused on elucidating the relationship between kinematics and subsequent joint injury and OA initiation.
To our knowledge, our study is the first to present the kinematics of DMM rodent joints under controlled mechanical loading. A previous study conducted by Allen and co-workers 25 focused on weight-bearing limb measurements in rats with medial collateral ligament (MCL) and medial meniscal transections, two more 
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severe joint destabilization models. Significant differences were present in gait dynamics between injured and normal joints. 25 In contrast, our results suggest that the joint kinematics are generally unaffected by the DMM injury, which is much less destructive than a complete MCL or medial meniscal transection. Although we did not examine in vivo dynamic kinematics, our results are further substantiated by the slower rate of OA progression in DMM models compared to ACLT models in vivo. 17, 19, 50 Indeed, the progression of moderate OA in DMM and other meniscal injury situations has been attributed to the disruption of tibiofemoral contact mechanics, with damage to the meniscus causing decreased cartilage contact area. [43] [44] [45] 51 Thus, higher stresses occur in the cartilage, particularly over the medial aspect of the tibia. 17, 50, 52 Although both the ACLT and the DMM mouse models develop OA-like features, the results of this study, along with evidence from in vivo studies, suggest that the joint mechanical environment associated with disease initiation differ. The DMM model reflects increased contact stress due to a reduction of contact area. In contrast, the ACLT model resulted in tibial dislocation under normal flexion, suggesting extreme loading between any remaining articulating surfaces due to the injury compared to the DMM model. This finding, though obtained ex vivo, is supported by in vivo evidence, and leads to the likely conclusion that with tibial compressive loading during mouse gait, these differences in mechanical environment may play at least a partial role in the severity and progression of OA in vivo. 53 Our study has limitations. While we used a controlled mechanical platform to examine the kinematics of ACLT and DMM joints, strict axial compression of the tibia through the femoral condyles may not elicit the same motions that occur during gait. However, our intention was to examine bone kinematics using a controlled loading model that generates physiological mid-shaft strains and that recapitulates OA features. 35 This model induces OA by superimposing short cycles of controlled tibial loading over otherwise normal cage activity, and without the surgical disruption of the joint. 35, 36 In contrast, DMM and ACLT models require invasive surgery, which induces inflammation that, in itself, may cause abnormal alterations in bone kinematics, thus confounding interpretation of the results. The compressive loading used in our study was done with little external constraint to the knee; the joint surfaces were free to move in any direction, though the motions of the tibia and femur were somewhat constrained to flexion-extension by the manner in which the tibia and femur were held in the loading fixture (Fig. 1A) . Furthermore, the applied loads were small and controlled compared to those applied by muscles and ligaments during normal cage activity. In addition, our approach did not account for tissue adaptation and muscle forces that may play a role in vivo. Nonetheless, we showed striking differences in bone kinematics following DMM and ACLT, even when our relatively mild loading regime was applied. These differences in bone kinematics are likely exacerbated during normal cage activity, which may explain the differences in initiation and progression of OA pathology in the two models.
Additional considerations for our study are the use of a tibial-based coordinate system to describe knee joint kinematics, the small sample sizes, and the use of incremental static measurements of kinematics ex vivo. However, these points are offset by the fact that our study is the first to quantitatively characterize the bone kinematics associated with ACLT and DMM injuries in mice under controlled physiological tibial compressive loading. Thus, our results provide valuable insight into understanding the joint instability associated with these two commonly used OA mouse models in vivo.
In conclusion, we found marked differences in bone kinematics in the DMM and ACLT joints under controlled loading conditions. ACLT knees have extreme joint instability, which may explain the rapid progression of OA, particularly in the posterior aspect of the tibial plateau in vivo. In contrast, DMM joints exhibit kinematics similar to those in intact knees, suggesting that the progression of OA in this model reflects altered joint kinematics and contact mechan- ics, not a more extreme loading scenario. In summary, although both the ACLT and DMM mouse models have strengths and limitations with respect to elucidating the pathways associated with OA initiation and progression, the DMM model provides a more representative and relevant model of post-traumatic OA in terms of physiological bone kinematics. 
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